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Abstract: Optical coherence elastography (OCE), as the use of OCT to perform elastography
has come to be known, began in 1998, around ten years after the rest of the field of
elastography — the use of imaging to deduce mechanical properties of tissues. After a slow
start, the maturation of OCT technology in the early to mid 2000s has underpinned a recent
acceleration in the field. With more than 20 papers published in 2015, and more than 25 in
2016, OCE is growing fast, but still small compared to the companion fields of cell mechanics
research methods, and medical elastography. In this review, we describe the early
developments in OCE, and the factors that led to the current acceleration. Much of our
attention is on the key recent advances, with a strong emphasis on future prospects, which are
exceptionally bright.

© 2017 Optical Society of America
OCIS codes: (110.4500) Optical coherence tomography; (170.4500) Optical coherence tomography.
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1. Overview of optical coherence elastography

The study and utilization of mechanics spans an enormous area of biology and medicine,
ranging from the understanding of molecular machines and the production and sensing of
forces and their effects on and in cells, to medical diagnosis of late-stage disease. Within the
relevant range of length scales, from the molecular and sub-cellular to whole organs, there are
not many techniques applicable in the sub-range spanning a single cell to aggregates of cells.
One such technique suited to this sub-range is based on optical coherence tomography (OCT)
and has come to be known as optical coherence elastography (OCE).

Elastography with OCT was proposed and demonstrated in the landmark paper published
by Schmitt in 1998 [1], in which many of the principles and issues of contemporary research
were laid out. Schmitt used OCT to image a sample undergoing bulk compression and
assessed the resulting local displacement field by examining the correlation between cross-
sectional (B-) scans of the same location. The results were used to produce elastograms, i.e.,
cross-sectional maps of displacement, from which strain localized to a small region of the
sample (i.e., the local relative change in length per unit length) could be estimated.

Schmitt’s work emphatically demonstrated that OCT could be used to gain information
about a soft tissue’s mechanical properties, and highlighted some of the opportunities and
challenges that remain to this day. Firstly, mechanical image contrast is intrinsically different
to optical contrast. To see an object in an OCT scan requires differences in scattering,
produced by refractive index gradients, but mechanical contrast only requires sufficient
scattering to obtain an OCT signal, and not that it varies in strength over the sample. Thus,
inclusions invisible in OCT can be revealed by elastography [2], as shown in Fig. 1 [3].
Secondly, Schmitt measured local displacement and inferred strain, as shown in Fig. 2(a).
Strain is a relative quantity related to an absolute quantity, an elastic modulus or Young’s
modulus, but, in most practical scenarios, in a complicated and not easily determined way.
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Thirdly, viscoelasticity implies hysteresis in the dynamic mechanical response, which can be
a source of information or image contrast, or a source of complication in attempting to
measure elastic parameters.

Following Schmitt’s seminal paper, six years followed before further papers were
published, and although some progress was then made, the field remained embryonic, with
only five groups publishing twelve papers in total until 2007. Only from around 2008 did the
field experience an acceleration that has led to a plethora of groups working in the area today
and the recent progress we report on here. In part, this progress has relied upon the evolution
of OCT technology from the original time-domain systems to spectral-domain systems, which
brought about two key advances: it enabled sub-envelope and sub-fringe axial displacements
to be reliably detected by examining the interferometric optical phase, pushing into the sub-
nanometer displacement regime; and it allowed the acquisition speed to be increased by
several orders of magnitude, enabling the dual advantages of the reduced effects of extraneous
motion and the acquisition of volumetric images.

The measurement of a relative mechanical property, such as strain (see Eqg. (3)), may well
prove to be sufficient in many applications, but in many other applications, it is expected that
a quantitative reliable measure, such as an elastic modulus (Eq. (5)) — a ratio of stress to
strain, will be required, spatially resolved with the OCT resolution or better. Measurement of
this tensor quantity turns out to be complicated by the coupled nature of mechanical
interactions, i.e., by the fact that forces are readily transmitted across a sample and by the
associated difficulty in measuring local stress. Even if the probing force (load) on a tissue
could be applied only to a single voxel, which is generally not achievable, the connection of
this voxel to all others means that the resulting displacement alone is insufficient to extract an
accurate elastic modulus — combining such measurements with a computational model is
required.

In this forward-looking review, we will seek to tease out these issues, highlight where
progress has been made, and where work is still to be done. In so doing, we are cognizant of a
number of recent reviews of the field [4-6], and will seek to advance upon these herein.
Additionally, the reader is referred to more comprehensive descriptions of tissue mechanics
[2] and of the field of elastography outside optics [7-9].

Fig. 1. (a) OCT and (b) OCE images of a phantom highlighting that optical and mechanical
contrasts are not equivalent. Image sizes are 12 by 12 by 1.2 mm. Reproduced from [3].
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Fig. 2. Examples of early OCT elastography. (a) Axial displacement map of a pork meat
sample (left). In dark regions, SNR is too low to evaluate. At right, average displacement
versus depth for two regions marked in the map (right). Adapted from [1]. (b) Upper: OCT
images before and after compression loading of an artery sample. Lower: Corresponding strain
(left) and displacement maps (right). (21x21-pixel kernel. No scale provided.) Adapted from
[12].

2. Optical coherence elastography prehistory

Here, we review the genesis of the field in order to provide a context for the remainder of the
review. The term optical coherence elastography was first coined in a 2004 paper with Brett
Bouma as last author [10] motivated by the then-emerging area of assessment of
atherosclerotic plaque, which is now a major application of OCT [11]. Earlier that year,
Rogowska et al. [12] had reported, in essence, a repeat of the Schmitt experiments, but now
on in vitro aorta samples, successively loaded with weights, instead of using an actuator. The
cross-sectional displacement maps, as shown in Fig. 2(b), did not show any recognizable
structures, however, which did not suggest much promise. Later that year, Bouma and
colleagues also began to explore the mechanical characterization of atherosclerotic plaque in
vivo [10], an optical version of the then-emerging elastography based on intravascular
ultrasound (IVUS) [13]. (We note in passing that the subsequent take-up of IVUS
elastography has been slow [14]). They recognized that the effects of one or all of noise, non-
rigid tissue deformation, and the breakdown of the assumption that speckle remained invariant
under deformation, presented a great challenge to achieving robust arterial tissue velocimetry
using light, indeed, difficulties that have still to be overcome in this application. They posed
energy minimization as an alternative approach to tracking speckle (subsequently little used),
investigated using finite-element analysis, and reported a single experiment on a laterally
stretched aorta autopsy specimen, again showing modest promise. They also demonstrated the
first use of OCT to provide reference image data (in place of histology) for biomechanical
modelling of arteries [15], but this has not become widely used. In the following year, a
subset of this group went on to consider how to address the inverse problem in extracting
elastic parameters, and presented early results on simple inclusion targets based on simulated
data [16], as well as inverse approaches to vascular elastography demonstrated on idealized
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simulated data [17]. Others also followed similar approaches on synthetic arterial data [18].
We shall return to the important topic of inverse modelling in Section 6. Algorithms for
optimizing speckle tracking remained a focus for the few researchers in the field into 2006
[19]. Of course, interest in speckle metrology, and in efficient algorithms for speckle tracking
outside of OCE, goes back a long way [20], and was also an active field in the first half of the
2000s [19, 21, 22].

In 2006, Stephen Boppart’s group first applied OCE to a tissue-engineered construct and
to a developmental biology model — the xenopus laevis [23] (xenopus laevis has now largely
been supplanted by the zebrafish and mice in developmental biology — a recent review of this
field can be found in [24]). The basic method, compression, time-domain OCT and speckle
tracking to determine cross-sectional displacement, had not changed since Schmitt’s initial
demonstration. The results, again, represented proof of principle.

These early reports were characterized by limited experimental data, a focus on speckle
tracking and concomitant high loads leading to displacements (two-dimensional or uniaxial)
of at least several 10s of [23], and sometimes in excess of 100, micrometers [12], exclusive
use of time-domain OCT, and demonstration of proof of principle without being able to report
compelling data. Most of the important technical issues in OCE based on compression of the
whole sample were raised in these early papers in one way or another, but they failed to ignite
the field, because the results presented did not approach the quality of images generated by
OCT alone, as Fig. 2 emphasizes.

In the meantime, a revolution had been taking place in OCT, as described elsewhere in
this Special Issue. Firstly, still using time-domain approaches, researchers had begun to
capture the sub-envelope fringe information, initially to extract blood flow velocity from the
Doppler-shifted fringe frequency [25, 26]. Secondly, starting from 2003, OCT began the
move towards optical frequency-domain processing [27, 28], the so-called Fourier or spectral
domain, employing a static interferometer, with either spectrometer-based detection of
broadband illumination, or time-resolved detection of a swept-frequency optical source.
Either method gave much easier access to the sub-fringe optical phase information than was
available from optical delay scanners [29], which were intrinsically less stable. These
methods also provided a gain in sensitivity approximately equal to the number of resolvable
spectral channels, related to the reduction in shot noise per detection bin achieved without a
reduction in overall signal [30-32]. Wang et al. were the first to put this to work in OCE,
demonstrating milliradian equivalent nanoscale displacements (with averaging) in a tissue
phantom via comparison of A-scans [33] and B-scans [34]. Although no tissue results were
presented, this direction would prove to be pivotal over the next decade. There would be an
explosion in the application of phase-sensitive methods, and in the range of elastography
techniques to which they would be applied, as described in early reviews of this expansion
[35, 36].

3. Methods overview

The field of mechanics uses many terms unfamiliar to optical scientists, and which even vary
in their usage between sub-fields of mechanics. Here, we briefly attempt to cast some light on
this, before defining terms more rigorously. Firstly, we point out the difference between
material properties and stiffness. Although we often consider the intrinsic mechanical
properties of soft tissue, as characterized by an elastic modulus, the overall mechanical
behavior of a sample depends both on the material and the structure constructed from it. In
general, the overall behavior is characterized by its stiffness, the ratio of force over resulting
displacement. The elastic modulus, the underlying descriptive parameter, is generally defined
as the ratio of applied tensile stress to the resulting strain. If in the linear regime, such that
applied stress linearly affects strain in an isotropic material, then the elastic modulus is the
Young’s modulus (or the shear modulus), and tensile stress and compressive stress are
identical. However, once beyond this regime (~few percent strain), then the applied stress
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(including sign) at which the modulus is determined must be known. The modulus measured
in this regime is the slope of the stress/strain curve, the tangent modulus, which is always
greater than the Young’s modulus. Finally, elasticity reflects the ability of an object to resume
its shape after deformation — so, it is a general descriptive term that is related to what we
measure, since the overall shape is not what we generally access.

So far, we have considered only a very small fraction of elastography methods; those
based on quasi-static compression of the whole sample, because this method represents the
genesis of the field, but there are a much wider group of methods that vary according to how
the mechanical loading occurs, whether it is localized or global (relative to the volume being
imaged), extrinsically applied or intrinsically present, and its temporal profile — quasi-static,
harmonic or pulsed (transient), and whether elastic travelling or standing waves are generated
and detected [8]. There are also a variety of ways in which the mechanical perturbations may
be detected, providing a rich space to explore. Below, we outline basic definitions and
assumptions within the framework of static (and quasi-static) and dynamic (harmonic and
transient) OCE methods.

Static methods

The constitutive law for a linear isotropic homogeneous material in Cartesian coordinates (xy,
X2, X3) is described as:

Oy = A&y +218;, @)

where gj is the stress tensor (i, j = 1, 2, 3), ¢; is the Kronecker delta function (i.e., d; is 1
when i = j and O otherwise), & is the strain tensor, (i, j, k = 1, 2, 3), and 1 and u are the Lamé
constants with 2 = Ev/[(1 + v)(1-2v)] and x« = E/[2(1 + v)] [2]. Here, E is Young’s modulus
and v is Poisson’s ratio. The relationship between the displacements u; and u; and strain ej; is:

. ou,
Yo ) (2)
bo2(ox ox

where u; is the displacement in the x; direction (i, j = 1, 2, 3). In the one-dimensional case,
when an external force, F, is applied in one direction (for example, in the x5 direction), these
formulae can be simplified as:

o=Eeg withe=AL/L, 3)

where g, ¢, AL, and L are the stress, strain, change in length, and initial sample length in the
corresponding direction, respectively. The relationship between stress and force is given as:

o=F/A (4)

where A is the cross-sectional area of the sample. Thus, inserting into Eq. (3), we obtain
Young’s modulus as:

FL
= ALA’ ®)
which readily applies to uniaxial compression and tension tests.

There are several complications in practice in applying this simple formula in quasi-static
methods. Firstly, we wish to map the Young’s modulus over a volume, and so wish to assess
stress and strain locally. Strain is measured by assessing the local change in displacement per
unit length, in one or more directions. The force (per unit area) distribution at the surface of a
tissue can be measured with a stress sensor [37], but how this force propagates to produce
local stress in the volume is not readily measured, presenting a problem for quantification.
Finally, the stress-strain behavior of most tissues is highly nonlinear, meaning Young’s
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modulus is only accessed at very low values of strain, perhaps up to a few percent, and
exceeds this at higher strains; but such responses vary greatly with tissue type. Thus, in
general, the tangent modulus should be measured, the slope of the stress-strain curve,
requiring strain (or stress) to be specified in order to be a reproducible quantity. These topics
are explored further in Section 6.

Steady-state harmonic methods

If low-frequency excitation (typically in the sub-kHz range) is externally applied to a tissue,
elastic waves of various types will be generated: longitudinal and shear waves in the volume,
Lamb and Love waves in a thin layer, or Rayleigh waves on a surface [2]. The characteristics
of this propagation can be used to reconstruct viscoelastic properties using an appropriate
analytical model. If reflective boundaries exist, variations in regional elasticity can result in
different vibration modes, which can also be used to deduce mechanical properties [38].

Some empirical viscoelastic models employ the one-dimensional form of Hooke’s law
based on the assumption that the tissue has a linear stress-strain relationship. Thus, a linear
spring can be used to simulate the elastic material with the spring constant a measure of the
sample stiffness [39]. In the Kelvin-Voigt model, for example, tissue is modelled as a parallel
combination of a linear spring and a dashpot to, respectively, represent the elasticity and
viscosity of the tissue. For an under-damped harmonic oscillator [40], the relationship
between the loading force, F(t), and the resulting displacement, u(t), in the direction of the
force can be written as a second-order differential equation:

2
md—u+Rd—u+ku=F, (6)
dt? dt
where m is the mass of the sample, R is the coefficient of viscosity, and k is the spring
constant. By solving this equation, one obtains the temporal displacement profile, u(t), and the
natural frequency, f, as:

u(t)= Be_%t cos(2r ft + @) 7)

and

1 k R?
f=— | ———1| 8
2r [m 4m2j ®)
where B is the displacement amplitude and ¢ is the phase. From Eq. (8), the stiffness of the

sample, given by k, is linearly related to the square of the natural frequency, assuming a
constant viscosity. If the viscosity can be neglected, the relationship between the spring
constant and the natural frequency is simply f =2yzm/k . For a fixed geometry, there
exists a linear relationship between the resonant frequency and the square root of the Young’s
modulus [41]. When the external driving frequency matches the natural frequency, such

resonances can be spatially and spectrally mapped as a source of mechanical contrast.
Methods using non-resonant and resonant approaches are described in Sub-section 7.2.

Transient methods

Transient loading also leads to elastic wave propagation, which, in a homogeneous isotropic
medium, is described more generally by [42-44]:

2

at—l;:(ﬂ+,u)VV-u+,uV2u 9)
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where p is the material density, u is the displacement vector, and A and u are the Lamé
constants already defined. The displacement vector can be expressed in terms of a scalar
potential ¢, and vector potential H, as follows:

u=Vgp,+VxH,. (10)

Thus, Eq. (9) can be decoupled into compressional (longitudinal) and shear wave equations:

_agouv = C;VZ(pu Wlth Cp = l +2'Ll ' and aH2u = CéVZHu Wlth CS = JZ’ (11)
at p ot P

describing independently propagating waves in the bulk material, where c, is the pressure

(compressional) wave (P-wave) speed, and c is the shear wave (S-wave) speed. For soft

tissues, the P-wave speed, typically several thousand m/s, is orders of magnitude faster than
the shear wave speed, typically several m/s [2]. Because of the challenge of measuring such
high speeds, and because the P-wave depends on the bulk modulus, which varies little
between soft tissues, P-waves have been less studied to date. The shear wave speed, ¢, can

be used to estimate Young’s modulus (neglecting viscosity) from:
E=2p(1+v)ck. (12)
The elastic wave propagating near the surface will, in general, comprise both surface

longitudinal and vertical shear components — the Rayleigh wave. The surface wave speed, c; ,
can also be used to estimate E (again, neglecting viscosity) as

2p(1
g 200rY) o (13)
(0.87+1.12v
1+v

Due to the high content of water, tissues may generally be assumed to be incompressible, so
Poisson’s ratio can be reasonably assumed v =0.5 [8] and, thus, Eqg. (12) can be further
simplified as: E =3pc?, and ¢, =0.953c, .

From these expressions, we can see that the shear wave speed ideally relies on the material
properties alone. In practice, boundary conditions, viscosity and variations in excitation
frequency can all drastically affect wave propagation, invalidating these simple expressions
[45]. Thus, development of appropriate analytical models is necessary to accurately quantify
tissue biomechanical properties, as will be extensively discussed in Section 7.

4. Displacement measurement

Having broadly described the nature of the displacement taking place in samples, in this
section, we briefly introduce the two main methods used to measure it, speckle tracking and
phase-sensitive detection, before describing in Sections 6 and 7 how these methods are
applied in the context of particular OCE methods.

Speckle tracking was the means of measuring displacement in early OCE studies [1,4],
accomplished via variants of digital image correlation (DIC), itself, a much larger field [21,
22]. Typically, vectorial displacement is determined from cross-correlation of a multi-pixel
kernel between cross-sectional images from the same or close-by location. This process
necessarily degrades the spatial resolution of the elastogram, but the sensitivity of the
displacement measurement, by contrast, can be improved to below the pixel size by
interpolation [46]. In cross-sectional images, out-of-plane deformation artifacts may occur,
which can be avoided with digital volume correlation speckle tracking described in Section 6.
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A key limiting factor on speckle tracking arises because of its origins in coherent wave
superposition. Beyond displacements equal to a small fraction of the OCT speckle size,
decorrelation rapidly occurs as the object is deformed [47]. These factors are considered in
detail in Section 6.

The other main method, phase-sensitive detection, utilizes the phase of the complex OCT
signal, rather than the structural information obtained solely from the intensity. Phase-
sensitive methods, made practical by the emergence of Fourier-domain OCT (see end of
Section 2), take the displacement sensitivity to sub-nanometer levels [48], enabling ultra-
sensitive detection of deformation [33, 34, 49]. Such methods have become predominant in
OCE. However, they achieve this high sensitivity, as noted, in a single axial dimension.

There are various sources of phase noise that impair phase-sensitive detection. In the high
signal-to-noise ratio (i.e., the shot-noise) limit, the minimum phase difference that can be

measured (twice that of a single phase measurement) is given by 1/+/SNR [50], and this
expression has been shown to hold in practice over the range of typical OCT SNRs, from 20
to 45 dB [50]. Thus, if we set a practical upper limit in tissue on OCT SNR of, say, 50 dB, the
minimum detectable phase difference is 3 mrad, and the change in axial displacement, Au,,

given by Au, =A@A/4zn, for wavelength, A, of 1300 nm, and refractive index, n, of 1.4,

corresponds to 0.23 nm, without averaging. At a more typical SNR of 20 dB, this becomes 7.4
nm. There are many technical sources of phase noise, such as frequency jitter in a swept-
wavelength source, environmentally induced differential phase shifts in the interferometer,
and undesired sample motion. Noise from frequency jitter in the source can be overcome with
optical frequency referencing techniques, such as the use of a fiber Bragg grating [51] or
Mach-Zehnder interferometer to perform spectral recalibration or more precise triggering.
Environmental noise can be reduced by utilizing a common-path interferometer [52]. For sub-
surface axial strain measurement, use of linear fitting over a region improves the accuracy and
robustness of compression-based strain estimation [53, 54].

Phase-sensitive detection also suffers from the ambiguity caused by phase wrapping.
Unwrapping the phase is possible, but sensitive to noise. In compression OCE, by spatially
averaging and weighting the displacements based on the SNR, up to 5 cycles have been
unwrapped and shown to provide a more robust estimate of the strain gradient [52, 55]. The
upper limit on phase unwrapping is set by speckle decorrelation [47]. Alteration of the
underlying amplitude and phase of the speckle pattern means the phase can no longer be
tracked and unwrapped accurately, in essence, manifesting the same issue as for speckle
tracking.

Phase-sensitive methods can be improved by motion artifact compensation algorithms
[56]. Furthermore, for depth-resolved imaging of elastic waves in multilayered tissues, where
each layer has distinct optical and mechanical properties, correctly accounting for refractive
index mismatches is necessary [56, 57]. The measured unwrapped temporal phase profile at a

given depth from within a homogeneous sample, ¢, (t) is converted to displacement,

u,, (t), after correcting for the sample surface motion and refractive index mismatch between
the sample and external medium (such as air or water) [57] as:

uin (t) = L X |:(Din (t) + wsurface (t) x M}' (14)

47[ nsample next

Here, /, is the central wavelength of the OCT source, Ngmpie and Ney are the refractive index of
the sample and external medium, respectively. Consequently, phase-sensitive analysis of
propagation through multiple, distinct layers should account for each layer by increasing, as
necessary, the number of terms in Eq. (14).
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There remains considerable scope for improvement of displacement measurement
methods. One recent approach utilizes both intensity-based correlation techniques and phase-
sensitive techniques to track displacements in cross-sectional images, achieving a
displacement sensitivity of 0.3 um [58, 59]. A related method was also proposed to increase
the dynamic range of the axial displacement measurements [60]. Doppler variance techniques
may also provide a pathway to more robust phase-sensitive measurements [61, 62]. Better
displacement sensitivity will benefit many instances, e.g., for dispersion measurements of an
elastic wave [45, 63], or as input to analytical models of the tissue temporal response [64].

5. Loading methods

In Section 3, we briefly described methods of probing mechanical properties through the
presence of displacement fields in the tissue. In Section 4, we briefly described how the
displacement can then be measured. Here, we describe how the displacements are induced in
the first place. The choice of loading method is generally dictated by requirements of the
application. Loading methods can be broadly classified as contact or noncontact, extrinsic or
intrinsic, localized or global (relative to the volume being imaged), and static or dynamic. We
now describe in some detail the wide range of specific implementations shown in Fig. 3.

The first demonstration of OCE by Schmitt utilized static, global, planar compression
induced by an annular piezoelectric actuator and window, applied from the same side of the
tissue as used for imaging [1]. Such static, full-field compression was the only method used
until 2008. Application of uniform stress across the sample is key to generating comparable
displacements at all points across the field of view, and key to simple interpretation of the
elastograms [4]. In the case of a curved sample, such as the eye, a curved gonioscopy lens has
been used to address this issue [65-68]. This issue also applies to loading lumens, such as
arteries. Local contact (indentation) loading has been little used in the static context [69] but
more so in the dynamic context as a point source of elastic waves [70-72]. Local quasi-static
indentation utilizing a needle containing a built-in forward-looking OCT probe (A-scan only)
has been demonstrated to enable tissue characterization at depths well beyond the maximum
OCT penetration depth of a few millimeters in tissue [69, 73]. Indentation using an atomic
force microscope cantilever tip takes the issue of localization of load to its extreme, but the
lateral OCE resolution remains limited by the optical system [74].
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Fig. 3. Typical loading methods.

Quasi-static global compression has been demonstrated in several scenarios, including
non-contact: using an impulse air jet for average measurements of mechanical properties [75]
and for imaging the effects of an air puff on corneal deformation [76, 77]; and contact: for
imaging of continuous acoustic frequency loading [78]; in both the latter cases avoiding the
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propagation effects of any waves generated on or in the tissue. Alternatively, global standing
wave generation has exploited the mechanical resonance of the cornea through non-contact
acoustic excitation at audio frequencies and detection of vibration modes by OCT [79, 80].
Non-contact point excitation of a wave on the cornea, using a micro-jet air puff, has
subsequently been demonstrated extensively, as described further in Section 7 [81].

Non-contact loading through use of sound at frequencies above the acoustic range rapidly
becomes problematic, due to the high attenuation of ultrasound in air, the high impedance
mismatch between air and tissue, and the challenge of directly measuring the resulting tissue
response in the megahertz range [8]. It is important to firstly realize that ultrasound-based
loading, to date, has almost exclusively been a contact method. Secondly, the use of
ultrasound loading has taken advantage of the so-called acoustic radiation force (ARF),
adopted from ultrasound elastography [82]. ARF in OCE makes use of 10s ps-10 ms bursts of
ultrasound in the megahertz range to modulate the force applied to the sample. The resulting
displacement has been detected as the axial displacement along the ultrasound beam at focus
[83-87] or as an axial displacement associated with a shear wave generated by the burst at
some lateral offset from the focus [88-90]. By scanning the frequency of the amplitude
modulation, it has also been demonstrated that acoustic mechanical resonance can be detected
along the axial direction [91]. Shear wave propagation can be characterized in the orthogonal
geometry, i.e., with the ultrasound beam orthogonal to the OCT beam [62], a somewhat
limiting geometry for general applications, but suited to some [92]. ARF can apply localized
tissue displacements in the micrometer range at depths well beneath the surface of the tissue.
Whilst this localization is effectively point-wise loading for ultrasound elastography, it is
more extended in the case of optics. For example, in [88], the depth of field of the ultrasound
signal was ~3 mm and the full-width at half-maximum beam width was ~0.25 mm, an order
of magnitude larger than the OCT resolution; and in [93], the ultrasound beam was assumed
uniform over a 0.3 x 0.5 mm lateral region. Another potential benefit of ARF is that it could
be integrated into catheter-based probes, as demonstrated at 10 mm diameter in [85]. With
further miniaturization, such catheters may enable intravascular mechanical assessment of the
arterial wall, a long-held goal, producing in a catheter the types of measurements currently
only possible ex vivo [89, 93]. ARF produces sufficiently large pressures to be of safety
concern for applications in the eye [94]. Investigators led by Wang and O'Donnell adopted a
chirped-pulse radar method to reduce the peak ARF. Lower pressure frequency-chirped long-
pulse ultrasound induced shear waves [94] were numerically compressed post-detection into a
short, localized high-pressure pulse. Most recently, technological innovations in piezo-
ceramic materials from the same group have enabled the realization of high-power ultrasound
transducers capable of air-coupled ARF excitation [95]. Such transducers, recently
demonstrated for OCE in ex vivo porcine cornea [96], present intriguing possibilities for non-
contact OCE.

Point dynamic loading is attractive as a source of shear waves, and an attractive non-
contact localized method is the micro-air puff developed and applied extensively by the Larin
group [45, 57, 63, 81, 97-116], mainly to the cornea, but also to skin [108, 116], cardiac and
skeletal muscles [104], cartilage [101, 106], fat and soft tissue tumors [97], and kidneys [112].
Similar to ARF-based excitation, an air puff can deliver a localized and well-controlled
impulse stimulus, which can be accompanied by measurement of the tissue displacement or
measurement of the air puff-induced elastic wave. A major benefit of the air puff is the
possibility of using very small loading pressures (in the mPa range). At the same time, this
method is limited in how short the impulse can be — a minimum of ~0.8 ms has been
demonstrated [81], which restricts the bandwidth of the elastic waves available for
quantifying tissue viscoelasticity (extensively discussed in Sub-section 7.1). Additionally, in
contrast to ARF, it is limited to surface excitation, and cannot excite the sample internally,
except through the surface.
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An attractive all-optical excitation method using pulsed laser-induced photothermal waves
was demonstrated by Li et al. [117, 118]. Similar to the air puff, the pulsed laser is truly non-
contact, and preferentially excites from the surface, but with some sub-surface penetration,
depending on beam design and tissue properties. Recent studies have demonstrated the use of
laser-induced elastic waves to characterize the elastic properties of the urinary bladder [119]
and skin [120]. One of the benefits of this method is the shared optical path for both excitation
and imaging components, which could result in very compact optical probes. Whilst ultra-fast
OCE techniques can capture the wave without repeated excitations [107, 121], there remain
safety concerns over optical fluence levels necessary to overcome the limited capability of
tissues to absorb laser energy and the resulting low displacement amplitudes. These same
concerns apply to the field of photoacoustic tomography, which is based on contact acoustic
detection of the same waves [122], and has begun to see exploration of elastography [123].

There are several other interesting loading methods to consider before concluding this
section. Most recently, elastic waves were induced by the Lorentz force generated when
electrical current induced by an external alternating-current magnetic field flows through the
sample [124]. Since biological tissues are inherently conductive, this method makes possible a
wide range of investigations using biocurrent and tissue conductivity to study not only
biomechanical properties, but also electrophysiological properties. A related alternative,
extensively investigated by the Boppart group, is the use of magnetic nanoparticles,
incorporated into tissues placed in an external magnetic field, as internal transducers for
magnetomotive vibration [125-139]. Thus, loading is highly localized, to individual or
aggregations of nanoparticles, but distributed throughout the tissue, and dynamic, in the
alternating-current magnetic field. Nanoparticles can be functionalized to selectively target
tissues of interest [127, 136, 138]. The particles can be used to induce elastic waves [133] or
spectroscopic analysis can be performed by sweeping the excitation frequency and finding
resonance modes for micro-rheological analysis [125, 131]. To date, there has been limited
uptake of this method by other groups [129], perhaps because of the challenges presented by
the very small displacements that can be induced. Measurable displacements throughout the
tissue requires a sufficiently high magnetic field gradient and relatively high concentrations of
nanoparticles to achieve a sufficient OCT signal. Thus, for in vivo applications, a challenge is
to maintain sufficiently low toxicity.

A genuinely exciting alternative to external loading is to utilize body motion as an
intrinsic loading source. In all cases, the idea is to measure tissue displacements caused by the
body itself, thereby, avoiding the need to introduce a load. An excellent example of this is in
the companion field to OCE of Brillouin microscopy [140], in which the Brillouin frequency
shift caused by thermally generated acoustic phonons describes mechanical properties
(longitudinal modulus) on the micrometer scale. In this method, hyperspectral Brillouin
micro-spectroscopy is conducted in a confocal microscopy geometry using a monochromatic
laser source. On the opposite extreme of length scale, pulsatile blood flow produces pulse
waves propagating along blood vessels, and their speeds and patterns have been related to
average arterial stiffness [141, 142]. Vessel pulsatility has been used in OCE to quantify
stiffness of arteries in developing chick embryos, by imaging from outside the vessel [143].
Pulsatile motion has also been utilized in other tissues and forms of elastography, such as the
thyroid with ultrasound elastography [144] or the brain with magnetic resonance elastography
[145], including a curious example in which head shaking was used as the source of elastic
waves [146]. Even changes in the intraocular pressure, which generate corneal displacements,
have been used as a loading source [147]. Such “internal” methods, utilizing voluntary or
involuntary body motion as a source of elastic waves or tissue displacement that may be
characterized by OCT, are definitely worthy of further attention.
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6. Static methods and applications

6.1 General considerations

Static methods, or quasi-static methods as they are often called because they involve some
dynamics, must intrinsically avoid the complications of the generation of waves. Methods
exploiting the generation of waves will be discussed in Section 7. As discussed in Section 5,
static loading may be point-like, or cover any area of the sample surface. Simultaneously
applying a uniaxial and nearly uniform level of stress to the whole field of view to be imaged,
with a single actuation and device, is an efficient and ideal loading method. Whilst this can, in
principle, maximally exploit the speed of an imaging system, since the whole volume
undergoes displacement, it also brings with it the complication that strain in a given voxel
does not depend solely on the mechanical properties of that voxel. The applied stress, in
effect, propagates through the sample in a way that depends on the mechanical properties of
the surrounds. Thus, displacement, and any local strain derived from it, will be largely
representative of local mechanical properties — and generate mechanical contrast, but stress
will remain unknown, unless the sample is of very simple geometry, such as a set of
homogenous layers [148]. Thus, extracting a property, such as an elastic modulus, from OCE
based on global, compressive loading is a challenge which must invariably involve
computation [8], further discussed in Sub-section 6.5

To complicate matters further, the mechanical response to a load is not solely
instantaneous because soft tissues are viscoelastic. Dealing with this issue can involve merely
waiting for transients to decay (for up to several minutes [149]!), or attempting to exploit the
time dependence to extract more information. However, such studies of viscoelasticity in
OCE are in their infancy [45, 109, 110, 150]. At the same time, as described in Section 3, soft
tissue responds in a nonlinear fashion to stress and the tangent modulus depends on stress, or
equivalently, strain. The study of how stress affects mechanical contrast, and the reporting of
strain when reporting an elastic modulus, has not yet commenced, and is an area of future
opportunity. However, we should not anticipate too much too quickly, as similar issues
continue to afflict ultrasound elastography, which has a much longer history than OCE [8]. In
Sub-sections 6.2-6.4, we describe quasi-static strain imaging via compressive elastography,
before going on to consider how such methods may produce a measure of the elastic modulus.

6.2 Quasi-static compression and the example of breast cancer

Like so much of Schmitt’s work, his pioneering paper on OCE was well ahead of its time in
concept and realization. Schmitt’s images were superior to most subsequent published work
until about 2014, when a group led by one of us demonstrated much more compelling images
of soft tissue contrast [52], a recent example of which is shown in Fig. 4 [151]. Why did this
advance take so long? In essence, it required the maturation of a number of aspects of the
technology: 1) sufficient acquisition rates with Fourier-domain OCT to make volumetric
imaging routinely possible, in turn, making en face axial strain imaging feasible; and 2)
phase-sensitive detection with sufficiently low technical phase noise and robust signal
processing methodologies [52, 53] to provide displacement sensitivity in the sub-nanometer
range, extending over a few-micrometer range. The other key element required to move the
field forwards was the development of the technical capacity to match OCT and OCE cross-
sectional images with closely corresponding histology, and not merely representative or
nearby histology, thereby enabling interpretation by a pathologist [152]. This element is,
indeed, required in nearly all applications of OCT and has been slow in coming.

Whilst quasi-static compression elastography has been demonstrated in various tissues
[153, 154], elastography of breast cancer represents a great challenge, because breast tissue is
highly mechanically and optically heterogeneous, involving very soft, largely transparent and
membranous adipose, optically dense stiffer benign stroma and a wide range of tumor types,
but additionally, fluid-filled vessels and a network of ducts (which in ex vivo scenarios are, in
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essence, empty tubes) terminated in lobules. Further, when such tissues are excised, the cut
surface tends, through mechanical relaxation, to take on a topography reflecting, to some
extent, the internal heterogeneity, further complicating the application of uniform, uniaxial
stress. Thus, such images can show strain of both signs: compressive (usually negative values)
and tensile (positive values), as described in [155]. Such relative contrast cannot be readily
mapped to the underlying tissue elasticity in any quantitative sense and, as a relative measure,
it cannot be compared to other samples. All of this might seem to be a major problem, but the
extent to which it really is a problem is entirely dependent upon the application. In the case of
breast cancer lumpectomies, the goal is to assess the margins of the sample for the presence of
tumor to guide the surgery, with the goal of reducing the high rates (20-40%) of re-excision
currently experienced [156, 157]. Evidence accumulated from more than 58 specimens [52,
151, 155] shows strong correlation between tumor or benign stroma diagnosed in histology
and the texture of the en face strain elastograms. Distinguishing between benign and
malignant solid tissue has been a challenge faced by OCT at conventional resolutions (5-15
um) [158]. Whereas adipose and solid tissue can be readily distinguished by OCT alone,
distinguishing between solid tissue types has been problematic, with scattering contrast alone
proving inadequate for providing the necessary surety in most scenarios. Adding mechanical
contrast to the scattering contrast shows the promise of resolving this issue, whilst employing
conventional OCT resolution. Finally, on the topic of breast cancer, other groups have
examined breast tissues using a variety of methods [159]: strain-based [160] and dynamic
OCE [41], high-resolution OCT and its variants [161, 162], in vivo probe-based OCT in the
excision cavity [163], photoacoustic tomography methods [164] and Raman spectroscopy of
nanoparticle contrast agents [165]. It is not yet clear which method will prove best, but
beyond accurate assessment of involved tissue, the application to margin assessment will
require ready assessment by the surgeon of all relevant tissue in less than 30 min in total, and
will likely favor an intra-cavity solution [163].

6.3 Speckle tracking in quasi-static compression

In the meantime, other groups have been seeking to advance compression methods based on
speckle tracking [46, 149, 166, 167], largely borrowing from digital image correlation [21,
22] methodologies, as described in Section 2. Such methods have also been developed for
volumes, so-called digital volume correlation, which was first developed for X-ray computed
tomography [168]. (As an aside, “speckle” in image correlation is sometimes not the coherent
speckle we observe in OCT, but often describes the effect of imaging artificial texture applied
to a sample surface [167, 169].) Digital volume correlation methods have recently been
applied to OCT [149, 166], enabling measurement of the full strain tensor. Speckle tracking
methods require the speckle field in both images to remain correlated, thus, displacement
between measurements must be limited to around half of the speckle size [47, 166],
commonly corresponding to strain in the 1-2 percent range. Then, correlation averaging
kernels (volumes here) must contain sufficient speckles to enable sufficiently accurate
displacement measurement, representing a trade-off between spatial resolution and strain
sensitivity and degrading the resolution of the measurement compared to the underlying OCT
resolution. Kernel size has varied widely in the speckle-tracking literature to date, from 7 to
16 pixels [1], to a few voxels [149], to many tens of voxels [166]. This resolution degradation
is to be contrasted with phase-sensitive, compressive OCE, in which the lateral resolution of
OCT is maintained, but only the axial strain component is measured, and with axial resolution
that is close to that of speckle tracking [4]. Figure 5 shows a selection of OCE images
obtained using compression and speckle tracking.
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Fig. 4. Wide-field compression micro-elastography (OCME) of a freshly excised malignant
tumor. (a) Wide-field en face OCME overlay on OCT stitched image of the entire sample,
measuring 47.5 x 47.5 mm. (b) Histology, co-registered with OCT and OCME. (c) En face
OCT image showing a 1.6x magnification of the boxed region in (a). (d) Corresponding en
face OCME overlay. A, adipose; C, cassette stitching artifact; D, dense tissue; NC, non-
contact; S, stroma; and T, tumor. Reproduced from [151].

6.4 The opportunity of higher resolution elastography

In general, moving to higher resolution measurements brings with it the benefit of resolving
cellular scale structures that are observed in histology, whilst suffering a reduction in the field
of view. Early indications are that in applications such as breast cancer, the capacity to resolve
such micro-structures addresses, at least to some degree, the issue of differentiating benign
from malignant tissues [161, 162]. In moving to higher resolution, OCE faces an additional
challenge in that, since the speckle decorrelation length scales with speckle size [47, 166], this
reduces the maximum displacement that can be measured between frames. This issue can
always be addressed by collecting more frames per measurement, incrementing the
displacement by less per frame, so as to maintain correlation, but this adds to the acquisition
overhead. Nonetheless, several recent studies have shown promise in this regard [149, 170,
171], demonstrating substantial improvements in resolution, as shown in Fig. 6. Such
resolutions suggest the capacity to assess mechanical properties of cells and several
preliminary studies have been reported [170, 172]. Cell mechanics is a complex and crowded
field, with its own suite of techniques [173], including traction force microscopy, pipette
microaspiration and atomic force microscopy, amongst others, and is often concerned with
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measuring forces on or applied by cells, rather than their mechanical properties. It remains to
be seen how OCE will impact this field — the naive expectation is that it should be able to
characterize cell aggregates or even thick tissue sections, which is rather hard to do now.
However, this suggests penetration depths of several hundred microns, whilst maintaining
sub-cellular scale resolution, which, notwithstanding the promise shown in [171], has not yet
been convincingly achieved.
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Fig. 5. Examples of quasi-static compression OCE using full-field, ultra-high-resolution OCT
and digital volume correlation processing: in each figure part, OCT (upper) and overlaid strain
map (lower). (a) cornea; (b) breast tissue. Adapted from [149].

6.5 Beyond the imaging of strain — towards gquantitative compression elastography

Moving beyond the relative measure, strain, to a quantitative measure, such as an elastic
modulus, is complicated, as described in the opening paragraph of this section. Not only is
stress at a given voxel generally not known and influenced by such variables as surface
topography, friction and elastic properties outside of the imaging field of view, but the
measured modulus can also depend on frequency (even in the quasi-static regime) [174].
Possibly because of these complications, the overall availability of reference data on soft
tissue properties is limited [8]. Nonetheless, the attraction of being able to compare different
samples, and to monitor the same sample over time means that it is attractive to pursue
guantitative methods, which will be further exemplified in Section 7.

Many early works have combined measured displacement fields or strain fields with a
model to extract a parameter, or even one step further back, have merely used the structural
image as a starting point for a mechanical model [15, 17, 175]. The next step along this path is
to use compressive OCE data to determine average values of the elastic modulus, which has
been done using quasi-static compression on human arterial tissue [176] and, dynamically,
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using a Kelvin-Voigt model on various phantoms and tissues [41, 83]. There have also been
several early papers on developing sophisticated models based on fully synthetic input data
[16]. However, most models suffer from too many degrees of freedom unless they can begin
with, at least, the full measured displacement field and, ideally, knowledge of the load and
boundary conditions. An approach to converting experimental displacement data to elastic
modulus was recently advanced by Fu et al. [166], who combined volumetric vectorial strain
obtained from digital volume correlation with a virtual fields model, which is based on the
principle of virtual work. The output of the model is still only a single average Young’s
modulus of the sample.

Recently, a novel approach was put forward to enable the assessment of surface stress
whilst determining volume axial strain [54]. By imaging through a transparent compliant
layer, for which the stress/strain behavior is well characterized, it is possible to use the OCT
data to measure strain in the layer, thereby, inferring axial stress at the sample surface. This
measurement can be used to calibrate the volume axial strain to provide an elastic modulus
that is accurate under the assumption that stress does not vary with depth, which is true if the
only mechanical heterogeneity is in the axial direction [148]. This is already a considerable
advance on previous methods allowing one to overcome the so-called soft/stiff problem [37],
in which a stiff area of the sample shields a soft area from strain, making it appear stiffer than
it actually is. It can also be used in stand-alone form to mechanically ‘palpate’ tissues thereby
being sensitive to all depths in a tissue, not just the region accessible to OCT [37, 177]. In all
cases involving use of a continuous compliant layer, there is some sacrifice of lateral
resolution in the measurement caused by the layer’s mechanical continuity.

oc ' ' UHROCE
© _ R (@)

Fig. 6. OCT images and strain elastograms of a mouse aorta taken with standard and ultra-high
resolution systems: OCE and UHROCE. (a) en-face OCT images within the tunica media. (b)
Corresponding en-face strain elastograms. (c) OCT B-scan images of the aorta cross-section
(taken with OCE — top — and UHROCE - middle), and histology (bottom panel) from
corresponding but not identical section. (d) Speckle-averaged magnified portion (top inset) of
the structural B-scan image in (c), corresponding B-scan strain elastogram (middle inset), and
representative histology (bottom inset). Reproduced from [171].
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Whether or not a layer is being used, the issue of accounting for friction between the
loading plate and the sample must be carefully considered in seeking to evaluate the modulus
[148]. This issue is further compounded when using a layer, because it, too, is subject to
friction-induced artifact, altering the apparent surface stress. Such artifacts remain a barrier to
quantitative comparison, but can be accounted for, in principle, by a computational model, if
the friction can be estimated.

Very recently, a group involving one of us has attempted to use this surface stress data, in
combination with cross-sectional displacement data, as inputs into an iterative inverse finite
element model, with interesting first results [178]. A weakness of such iterative methods
remains their sensitivity to the setting of the so-called regularization parameter, in the
presence of too many degrees of freedom. In a volume model, which is, indeed,
computationally feasible, this feature can be tightened by more input data, such as volumetric
axial displacement in the tissue and in the compliant layer — which is a very promising
prospect.

7. Dynamic methods and applications

Dynamic OCE techniques mainly utilize phase-sensitive detection of elastic wave propagation
to be considered in Sub-section 7.1. The term dynamic OCE also applies to related dynamic
loading and detection methods, which, rather than assessing propagation, analyze steady state
deformation, which we consider separately in Sub-section 7.2.

7.1 Surface elastic wave methods and applications

Since the OCT imaging depth is limited to the first few millimeters in a turbid tissue, analysis
of elastic waves is largely limited to surface layers. Most transient loading methods described
in Section 5 generate a point-like axial longitudinal displacement which launches a shear
wave. Such waves propagating near the surface (Rayleigh waves) comprise both longitudinal
and vertical shear components, relative to the direction of travel. Rayleigh waves travel at
slightly lower speeds than pure shear waves (see Egs. (12)-(13)), with an amplitude that
decays exponentially with depth into the tissue. When guided in layers (such as in the cornea),
they are referred to as Lamb waves, or Rayleigh-Lamb waves.

Analysis of surface elastic wave propagation can be divided into temporal and spatial
approaches, as shown in Fig. 7. Temporal approaches involve analysis of the transient
displacement at one position as function of time by quantifying parameters such as
displacement amplitude, recovery rate, and frequency dependence. Spatial approaches involve
analysis of propagating elastic waves as a function of position by quantifying parameters such
as amplitude decay, and group and phase velocities and their frequency dependence. All of
these methods (and their combinations) provide information on viscoelastic properties via
appropriate analytical models, as we describe in detail in the following.

Spatial assessment of elastic wave propagation has been extensively utilized in both
ultrasound elastography [82] and magnetic resonance elastography [179], and many of these
methods have been adopted in OCE. The elastic wave velocity can be calculated from the
ratio of the propagation distance to the time delay, which is usually obtained through the
cross-correlation of the OCE-measured local axial displacement profiles along the wave
propagation path (see Fig. 8(g)) [104, 180]. As indicated by Eq. (12), under ideal conditions,
there is a simple and direct relationship between shear wave speed and Young’s modulus.
Thus, measuring the wave speed at different spatial (in-depth and/or lateral) locations allows
mapping and quick estimation of elasticity, as shown in Fig. 8. However, Eq. (12) is derived
under several important assumptions about the sample, such as neglecting viscosity, which we
consider further below [181].
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Fig. 7. Principles of analysis of elastic wave propagation originating from a point source.

To calculate the wave speed, in principle, measurements from only two spatial locations

are required. In practice, to obtain reliable elastic wave velocities, measurements from 20 to
30 spatial locations are used, such as shown in Fig. 8(g), reducing the spatial resolution
achieved as a consequence. To see this, consider that the elastic wave velocities in most soft
tissues range from 1 to 5 m/s. The transit time for a wave travelling at 5 m/s to travel 3 mm is
~0.6 ms. To image the propagation with 100 pm transverse spatial resolution, requiring 30
frames across the imaged region, requires an OCT B-scan frame rate of 50 kHz. In order to
maintain the same lateral resolution in the B-mode image (100 um), an A-scan rate of 1.5
MHz is required. Recent technological innovations in Fourier-domain mode-locked (FDML)
laser technology have allowed such high frame rates to be achieved, and ultra-fast OCE of the
cornea has been demonstrated by two groups, including one of us [107, 121]. This method, in
which multiple successive B-scans are acquired from a single mechanical impulse, features
acquisition times of less than 10 ms, the fastest demonstrated to date. However, this ultra-fast
OCE technique implies an inherent trade-off between the temporal and transverse spatial
resolutions. Whilst the transverse spatial resolution can be increased to 10s of um via post-
processing of multiple temporal scans acquired at different spatial locations with multiple
mechanical stimulations [103, 180], it intrinsically increases the acquisition time to several
seconds or longer. Improving both the temporal and the transverse spatial resolutions are
absolutely required in future clinically oriented OCE developments, which is a fast evolving
area of research [182-185]. We note in passing that axial (depth) resolution of shear wave-
based OCE methods is limited, in theory, to the OCT axial resolution (typically on the order
of 7-15 um), but the practical limits have yet to be comprehensively investigated.
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Fig. 8. (a-d) Displacement field B-frame images at 2 ms intervals recorded from an agar
phantom with mechanical inclusion. () B-mode structural image of the phantom. (f)
Quantitative map of shear modulus computed from the dynamic shear wave visualization. (g)
Linear fitting of phase delay versus position offset for two wave propagation paths. The shear
modulus in the marked regions in (e) calculated using Eqg. (15) is 2.9 and 17.1 kPa,

respectively. Adapted from [180].
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Surface wave imaging methods have been investigated in a wide range of applications,
mainly for the detection of pathological or physiological changes, ranging from soft tissues
such as the cornea [57, 63, 98-100, 102, 103, 105, 107, 109, 111, 113-115, 118], retina [186],
brain [183], skin [71, 108, 120], kidney [112], fat and soft tissue tumors [97], and muscle
[104], to relatively hard tissues such as cartilage [101, 106] and tendons [86]. In common with
OCT, as described in this Special Issue, ophthalmology is a major application of OCE, where
relatively low-scattering tissues, such as the cornea, allow imaging elastic waves at relatively
high SNR. For example, Fig. 9 shows elastograms of the estimated Young’s modulus of the
cornea in two porcine eyes taken from the same animal, for which cornea 1 is untreated
(control) and cornea 2 is treated by ultra-violet (UV) light-based cross-linking while cycling
intra-ocular pressure (IOP) [187]. The data clearly indicate anisotropic characteristics, which
become more pronounced at higher 10P. In another example, shown in Fig. 10, the phase
velocity of the elastic wave was used to map depth-wise the distribution of corneal
mechanical properties in a rabbit eye. This example highlights the benefit of structural
imaging with OCT combined with mechanical characterization available from OCE in a
combined image. We predict that such methods will find their first clinical applications in the
assessment of therapeutic procedures on the cornea, such as laser-assisted in situ
keratomileusis (LASIK) surgery [65] and UV light-based cross-linking of keratoconus-
afflicted corneas [188].
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Fig. 9. Young’s modulus maps in two porcine corneas from the same animal for increasing
10P: (a) 15, (b) 20, (c) 25, and (d) 30 mmHg; and at decreasing I0P: (e) 25, (f) 20, and (g) 15
mmHg. Cornea 1 was untreated and Cornea 2 was CXL-treated. Young’s modulus scale is
different for each IOP. Adapted from [187].



Vol. 8, No. 2| 1 Feb 2017 | BIOMEDICAL OPTICS EXPRESS 1199 |

Biomedical Optics EXPRESS -

—— Phase Velocity of Corneal Lamb Wave

1184 Ii 1 m I\»

1161 ,‘]ld'
1.14-}} ’ﬂ.}.‘[ﬁ"u"ﬁw.
gl

1.12 4

Phase Velocity (m/s)

1.10 - C R | \rl F&L‘i"ﬁ
1081 Frequency f=~390.6 Hz :‘1 i" %4 : ﬂ-ﬂ
1.06 -

(a) 0.0 0.1 0j2 0:3 0:4 0.5
Depth in Cornea (mm)

1,1
44 1 / 1

1.0 mm

| == S x
40 45 50 55 60 65 70 1.063 1.103 1.143
(©) dB Intensity Phase Velocity (m/s)

Fig. 10. (a) Elastic wave phase velocity versus depth indicating the distribution of corneal
stiffness associated with the structural features indicated in (b), a crossectional OCT image.
Region I: epithelium. Region II: anterior stroma. Region IIl: posterior stroma. Region IV:
innermost region. (c) Combined two-dimensional depth-resolved micro-scale corneal
elastography, revealing corneal layers. Adapted from [57].

Assessing tissue viscoelastic properties quantitatively by OCE is still at an early stage. As
well as recognizing that viscosity is not accounted for in the simple approach [181], boundary
conditions must be carefully considered in the conversion of elastic wave speed into
quantitative values of tissue viscoelasticity. For example, finite-element modelling (FEM)
supported by experimental data showed that taking account of the stress at the tissue surface,
e.g., imparted by a fluid, significantly reduced the group velocity of the elastic wave and,
thus, could produce errors in quantification of elastic properties [109, 111]. Geometrical
factors, such as tissue curvature and thickness, also have profound effects on the measured
elastic wave speed [105]. Han et al. performed a systematic analysis of the accuracy of four
analytical models and FEM for extracting the elastic modulus of soft samples [45]. The results
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demonstrate that FEM is more robust than the analytical models, but requires extensive
computation time. It has been shown that using the Rayleigh-Lamb frequency equation
(relating the angular frequency to the phase velocity) to determine the Young’s modulus
provides the closest values to those provided by FEM and could be used for relatively rapid
estimation of the elastic modulus.

Transient excitation methods, such as air puff or ARF, necessarily produce multiple
frequencies in the induced elastic waves. Spectral decomposition can provide dispersion
curves which could be used to extract both elastic and viscous properties of the sample [45,
57, 109, 110]. Such quantification requires application of either time-consuming FEM, or
other analytical models, which are all constrained by specific assumptions [45], but may
provide a more accurate and complete biomechanical assessment. Spectral decomposition of
the elastic waves can also provide depth-resolved information due to the wavelength
dependence of elastic wave penetration into the sample [70, 71, 117, 189]. Additionally, it
allows for assessment of mechanical properties well beyond the OCT imaging depth, since the
penetration depth of Rayleigh waves can reach many millimeters and even centimeters,
depending on the wavelength [190]. This presents another opportunity to probe and identify
the biomechanical properties of deep structures with OCE, in common with compressive
methods [37, 69].

As described above, the lateral resolution of the elastic wave imaging methods is limited
by the window size used for spatial phase gradient calculations to obtain the speed and
wavelength of the elastic wave. On the other hand, temporal analysis of the tissue response to
an external impulse allows highly localized assessment of tissue mechanical properties that is
only limited by the resolution of loading and/or detection techniques, which can be,
theoretically, as small as a few micrometers. The first such spatial elastographic maps, of
inhomogeneous phantoms and partially cross-linked corneas, are presented in [188]. In
temporal analysis methods, an external stimulus is used to remotely induce a displacement in
the sample, and a phase-sensitive method, typically co-focused with the stimulus, is utilized to
monitor the localized temporal response of surface deformations. Again, spectral
decomposition can be used to quantify the viscoelasticity of the measured position [64, 191],
as well as the depth-resolved viscoelasticity [64]. Wu et al. showed that spectral analysis of
the displacement response of rabbit crystalline lenses of different ages in response to ARF in
situ could reconstruct the lens viscoelasticity [191]. Expanding upon the displacement
response spectral analysis, Wang et al. showed the feasibility of a utilizing the surface
temporal displacement profile to distinguish layered phantoms [87], which, when combined
with an analytical model [64], could provide the depth-resolved viscoelasticity distribution
from only the surface temporal profile. Comprehensive experimental investigation is still
required to demonstrate the best spatial resolution achievable with temporal analysis.

Most recently, an interesting approach has been adopted from ultrasound elastography, in
which different harmonic continuous loading signals are simultaneously applied to opposite
sides of the sample. Introducing very small difference in frequencies between the vibrational
sources results in generation of a slowly moving “crawling wave” interference pattern [192].
This crawling wave approach to OCE significantly lowers the required imaging speed of fast-
moving elastic waves and holds great promise for quantitative elastography of hard tissues
without the need for ultra-fast sources.

7.2 Steady-state harmonic methods

In steady-state harmonic OCE, low-frequency vibrations are excited in tissue and regions of
differing elasticity produce different vibration patterns [41, 78, 83]. If the external driving
frequency matches a natural frequency of the sample, resonance will occur, which has been
used for spatially mapping biomechanical properties based on the resonance frequency [38,
128, 130, 193]. Similarly, sweeping the amplitude modulation frequency of the ultrasound
carrier in ARF can provide spectroscopic mechanical contrast in tissue, as shown in Fig. 11,
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revealing the difference in mechanical properties of loose and dense fibrous caps in arterial
walls, based on their resonance frequencies [91]. The extent to which the frequency responses
of different regions within the tissue are coupled and how regional properties are affected by
sample shape and properties of the boundary have largely yet to be explored (although the
effect of sample geometry has been examined in [128, 130]), but computational models will
undoubtedly be useful in assessing this. This coupling is to some extent avoided by a
localized harmonic loading method, such as the magnetomotive method discussed in Section
5.

8. Additional opportunities and challenges

Throughout this review, we have highlighted opportunities and challenges as they arose. In
this section, we consider several further issues that have not been covered so far.

There is no doubting the attractiveness of probing mechanical contrast or properties via
intrinsic loading, as described at the end of Section 5. One such burgeoning non-OCE
approach of great promise is Brillouin microscopy, as alluded to earlier [140, 194, 195]. OCE
and Brillouin microscopy will continue to prove complementary, in the mechanical contrast
they probe, the resolution and field of view they achieve, and the applications they are suited
for.

Another intriguing intrinsic property is optical birefringence, which is reflected in both the
molecular and organizational aspects of biological tissue. Birefringence is the source of
contrast probed with polarization-sensitive OCT (PS-OCT) and relatively recently it has
become possible to extract from volumetric PS-OCT images birefringence (equivalently
differential retardation) as a parameter, instead of the related, but harder to interpret,
parameter of cumulative retardation [158]. (In this regard, the extraction of strain and
birefringence are related as parametric approaches to OCT [152].)

Birefringence can be altered by stress in various ways, and stress-induced birefringence in
rigid non-biological materials has been explored with OCT [196]. In soft tissues, it has
recently been shown that stress induces changes in the birefringence of airway smooth muscle
[197]. There has also been one preliminary study comparing OCE and PS-OCT [198]. Such
studies are intriguing and suggest future avenues of investigation to exploit the potential of
PS-OCT to characterize stress in soft tissues, since stress is a parameter that, as explained
elsewhere in this review, is exceptionally difficult to access.

Although viscoelasticity has been discussed in Section 6 [150] and Section 7 [45, 64, 109—
111], it is has featured necessarily little in this review, because there is little work explicitly
focusing on the viscosity of soft tissue [150], although that is not the case for the wider field
of optical elastography [182, 199].

There has been exceptionally little done to date in the area of validation of performance,
whether of the technical performance of the methods, or validation of their performance in
applications. Validation of technical performance requires the availability of appropriate
phantoms, for example, which have been much less developed for mechanics than for optics
[200]. Technical validation would also benefit from round-robin measurements of phantoms
in different laboratories to establish performance parameters such as spatial and mechanical
property resolution and range. For methods aspiring to quantitative performance, validation of
computational approaches will also need to be included in this mix. For applications, the
ultimate reporting of rigorously assessed sensitivity and specificity for diagnostic applications
or accuracy assessments for specific mechanical property measurements will need to follow.
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Fig. 11. Elastogram of human coronary artery produced by resonant acoustic radiation force
OCE. (a) OCT structural image; (b) elastogram at 500 Hz driving frequency; (c) elastogram at
800 Hz driving frequency; (d) and (e) histology. Adapted from [91].

9. Conclusion

OCE has the advantage that it follows in the wake of the broader field of elastography, in
which many of the variants of temporal and spatial variables of loading methods, and
technologies to realize them, as well as soft tissue viscoelastic models and computational
methods have been explored [7-9]. It is only in fairly recent years, since 2008, that this
parameter space has begun to be explored in the context of OCE. This exploration must take
into account the intrinsic differences in optics, of higher resolution, that alters the observable
mechanical contrast, and of lower penetration, that enhances the sensitivity to surface effects,
such as topography and friction (if contact is used). Although many OCE methods display
mechanical contrast, not all do so on resolution scales that reach those expected of imaging
optics, or yet do so on time frames that are suitable in applications, and although many claims
are made for quantitative methods, there has been no rigorous validation of these claims, and
the true picture is likely to be much more complex. Of course, the need for quantitation
remains debatable, and must be assessed application by application. Already, as discussed
herein, there are signs that some groups are moving beyond demonstrations of novelty, to
systematic investigations of an application, such as intraoperative breast tumor margin
identification [52, 151, 155] and monitoring therapeutic procedures on the cornea [115].
Undoubtedly, the field will continue to grow, as there are many remaining opportunities for
novelty in methods; very little research done to date on probe design, such as would be
suitable for endoscopy; combination of experimental data with models and computational
methods to overcome artifacts and enhance accuracy is in its infancy; and there is a very large
application space to explore. In order that the field does not remain an academic curiosity, we
sincerely hope that at least one application takes off in the next few years.
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